Interconnected porosity is critical to the design of regenerative scaffolds, as it permits cell migration, vascularisation and diffusion of nutrients and regulatory molecules inside the scaffold. 3D printing is a promising strategy to achieve this as it allows the control over scaffold pore size, porosity and interconnectivity. Thus, the aim of the present study was to integrate distinct biofabrication strategies to develop a multiscale porous scaffold that was not only mechanically functional at the time of implantation, but also facilitated rapid vascularisation and provided stem cells with appropriate cues to enable their differentiation into osteoblasts. To achieve this, polycaprolactone (PCL) was functionalised with decellularised bone extracellular matrix (ECM), to produce osteoinductive filaments for 3D printing. The addition of bone ECM to the PCL not only increased the mechanical properties of the resulting scaffold, but also increased cellular attachment and enhanced osteogenesis of mesenchymal stem cells (MSCs). In vivo, scaffold pore size determined the level of vascularisation, with a larger filament spacing supporting faster vessel in-growth and more new bone formation. By freeze-drying solubilised bone ECM within these 3D-printed scaffolds, it was possible to introduce a matrix network with microscale porosity that further enhanced cellular attachment in vitro and increased vessel infiltration and overall levels of new bone formation in vivo. To conclude, an "off-the-shelf" multiscale bone-ECM-derived scaffold was developed that was mechanically stable and, once implanted in vivo, will drive vascularisation and, ultimately, lead to bone regeneration.
Introduction
Tissue engineering is a multidisciplinary field that aims to enable repair or regeneration of damaged or diseased tissues using appropriate combinations of cells, biomaterials and instructive signals (Reddi, 1998; Reddi, 2007) . Despite decades of research, relatively few bone tissue engineering therapies have reached the clinic and those that have typically report poorer outcomes than in pre-clinical animal www.ecmjournal.org trials (d'Aquino et al., 2009; Hibi et al., 2006; Krecic-Stres et al., 2007; Lee et al., 2010; Marcacci et al., 2007; Meijer et al., 2007; Meijer et al., 2008; Quarto et al., 2001; Shayesteh et al., 2008; Zamiri et al., 2013) . Reasons for this are multi-faceted, including poor scaffold mechanical properties, poor implant vascularisation and inadequate new bone formation in vivo (Amini et al., 2012; Ko et al., 2007; Phelps and Garcia, 2009 ). Scaffold seeding with cells, in the attempt to first engineer a bone-like tissue in vitro, has proved challenging, with issues such as core degradation and poor implant integration limiting the success of such approaches (Amini et al., 2012; Lyons et al., 2010; . Ideally, when designing scaffolds for bone tissue engineering, they should fulfil several key criteria. They should possess sufficient mechanical properties to support the defect region during regeneration. Their pore size and interconnectivity should allow cells, nutrients and other regulatory molecules to travel within the scaffold and facilitate vascularisation of the scaffold post-implantation (Habibovic et al., 2008; Jones et al., 2007; Müller et al., 2009) . The scaffold should also provide seeded cells or stem cells that migrate from the bone marrow and/or surrounding tissues into the scaffold post-implantation with appropriate biochemical and biophysical cues to enable their differentiation into osteoblasts.
Previously, porous bone scaffolds have been fabricated using a variety of techniques, including particle/salt leaching (Cao and Kuboyama, 2010) , gas foaming (Kucharska et al., 2012) , freeze-drying (Sultana and Wang, 2008) and phase separation (Hutmacher, 2000) . However, one of the major limitations to such techniques is the lack of control over pore size, porosity and interconnectivity of the pores and the overall scaffold geometry. This has led to increased interest in additive manufacturing and 3D printing for tissue engineering strategies. An obvious advantage of 3D printing for bone tissue engineering is the capacity to control scaffold pore size and interconnectivity, which in turn regulates angiogenesis and osteogenesis within the construct (Karageorgiou and Kaplan, 2005) . The most commonly used synthetic polymers for 3D printing of bone tissue engineering scaffolds are polycaprolactone (PCL) (Daly et al., 2016; De Santis et al., 2011; Hung et al., 2016; Kim and Son, 2009; Nyberg et al., 2017; Park et al., 2011; Park et al., 2012; Seyednejad et al., 2012; Temple et al., 2014; Yilgor et al., 2008) and poly(lactic-co-glycolic acid) (PLGA) (Ge et al., 2009a; Ge et al., 2009b; Guo et al., 2017; Park et al., 2012; Shim et al., 2014) . Although such synthetic polymers can be used to generate mechanically stable scaffolds, on their own, they are not osteoconductive. This can potentially be addressed by incorporating various forms of calcium phosphate within the synthetic polymers. The most commonly used calcium phosphate mineral additives are tricalcium phosphates (TCP) (Kang et al., 2016; Ko et al., 2007; Polini et al., 2011; Rai et al., 2010; Reichert et al., 2011; Yeo et al., 2008; Yeo et al., 2010) and hydroxyapatite crystals (HA) (Causa et al., 2006; Guarino et al., 2008; Heo et al., 2009; Park et al., 2011; Polini et al., 2011) . The addition of TCP or HA improves the mechanical properties of the resulting scaffold Seyednejad et al., 2012; Yeo et al., 2008; Yeo et al., 2010) . Furthermore, in vitro studies have shown that the addition of calcium phosphate mineral additives to PCL can increase its osteo-inductivity (Causa et al., 2006; Park et al., 2011; Polini et al., 2011; Rai et al., 2010) . In vivo, such composite scaffolds have also been shown to promote bone regeneration in different preclinical models (Heo et al., 2009; Kim et al., 2012; Reichert et al., 2011) . While such studies have generally reported benefits to the implantation of such constructs, in general, complete healing of the defects was not observed, pointing to the need for further improving the design of such implants.
One method for improving scaffold bioactivity is through the addition of extracellular matrix (ECM) components (Cheng et al., 2014) . Bone-ECMbased products are widely used clinically and can be divided into two classes, decellularised bone matrix (DCB) and demineralised bone matrix (DMB) (Cheng et al., 2014) . For example, Bio-Oss (Geistlich Biomaterials), a clinically available form of DCB, consists of mm-sized granules of bovine trabecular bone with most of the organic phase largely removed and has predominately been used in dental surgeries (Nyberg et al., 2017) . Previously, Nyberg et al. (2017) have compared the osteogenic potential in vitro of Bio-Oss versus a 30 % DCB/PCL blend and found there was no significant difference in osteogenic induction of adipose-derived mesenchymal stem cells (MSCs) cultured in hydrogels printed alongside the scaffolds (Nyberg et al., 2017) . The group went on to further demonstrate enhanced bone healing with the DCB blend in a mouse cranial defect model (Hung et al., 2016) . DMB is an allogenic bone graft material (Hung et al., 2016; Nyberg et al., 2017) , which is obtained from xenogenic and allogenic sources and is commonly used in orthopaedic surgeries for filling in bony defects after fractures or tumour debulking (Cheng et al., 2014; Drosos et al., 2007) . The general preparation of DMB usually involves the removal of soft tissue, blood and lipids, followed by antibiotic soaks, acid demineralisation and several rounds of freeze-drying (Gruskin et al., 2012) . The end-product is a composite of collagen types I, IV and X, as well as bone morphogenetic proteins (BMPs) and transforming growth factor-beta 1, 2 and 3, endowing it with osteoinductive properties (Cheng et al., 2014; Gruskin et al., 2012) . However, a limitation of DMB are its poor mechanical properties, which is a problem when treating load-bearing bone defects. Furthermore, the processing of such bonematrix-derived biomaterials into porous scaffolds with defined architectures optimised for angiogenesis and osteogenesis remains a challenge.
The aim of the study was to integrate multiple biofabrication strategies to develop multiscale porous FE Freeman et al.
Biofabrication of multiscale bone-ECM scaffolds scaffolds for bone defect repair that were not only mechanically functional at the time of implantation, but which would also support vascular in-growth and provide skeletal stem cells with appropriate cues to enable their differentiation into osteoblasts. The macroscale architecture of the scaffolds was initially engineered using 3D printing of composite PCL and DCB filaments, where the porosity (filament spacing) was varied with the goal of maximising vascularisation and bone formation in vivo. In the second phase of the study, microscale porosity was introduced by freeze-drying solubilised bone ECM within the macroscale pores of the 3D-printed PCL-DCB to produce a multiscale scaffold. It was hypothesised that the incorporation of such microporous bone ECM into the body of 3D-printed scaffolds would enhance cellular attachment as well as vessel infiltration and bone formation in vivo.
Materials and Methods

Generation of DCB
DCB was generated from cow tibiae obtained from an abattoir, as previously described (Hung et al., 2016; Nyberg et al., 2017) . Briefly, this was achieved by blasting bovine bone fragments with water to remove all of the bone marrow. Then, the bone fragments were placed in a series of four detergent washes: 0. iT™ PicoGreen™ dsDNA Assay (BD Biosciences) and calcium assay (Calcium Assay, Stanbio Laboratories, Boerne, TX, USA) were performed on the bone ECM, according to manufacturer's protocol, to verify it had been decellularised (0 ng DNA/50 mg ECM) but not demineralised (5.45 mg calcium/50 mg ECM) ( Fig. 1 ).
3D printing
A 3D bioplotter from regenHU (3D Discovery™) was used to print all the scaffolds. DCB (30 % w/w) was added to the PCL (Capa™, Perstop, Italy) to generate a composite thermopolymer, as is deemed optimum for printing fidelity and being sufficiently osteoinductive (Hung et al., 2016; Nyberg et al., 2017) . The composite thermopolymer was generated by adding the powdered DCB to the PCL within the thermopolymer chamber. Then, the chamber was heated to 60 °C in order to bring the polymer to a liquid phase and, then, screw-driven pneumatic pressure was applied to the now liquid to force it out of the chamber bottom. Once fully extruded, the composite was placed back in the heated chamber and the process was repeated three times to ensure homogenous mixing of PCL and DCB. Printing parameters of both PCL alone and composite PCL/ DCB are listed in Table 1 . Scaffolds of 4 mm diameter and 4 mm height, with both lateral and horizontal porosity and a fibre spacing of either 1.2 (large pores) or 0.8 mm (small pores), with both PCL alone and PCL/DCB (Fig. 2 ), were printed using at 25G needle ( Fig. 2a ). This produced scaffolds that had a porosity of either 80 % (large pores) or 70 % (small pores). Using the Olympus SZX7 microscope, the fibre diameter of the scaffolds was measured to assess the printability of the composite thermopolymer as compared to PCL-alone filament. Scaffolds were sterilised by ethylene oxide prior to cell seeding.
Mechanical testing
All mechanical tests were performed using a single column Zwick (ZwickRoell, Ulm, Germany) with a 100 kN load cell, as previously described (Olvera et al., 2015) . Briefly, compression tests were performed (n = 6) using impermeable metal platens, applying a 10 % unconfined compressive strain with a ramp displacement of 1 mm/min. Next, five compressive cycles of increasing strain (Ɛ) amplitudes from 10 to 50 % were performed to calculate the permanent deformation of the scaffolds. The Young's modulus was defined as the slope of the linear phase of the resulting stress-strain curve during the ramp phase of the compression.
Cell isolation, expansion and seeding
Bone-marrow-derived MSCs were obtained from the femur of a 4-month old porcine donor. Bone marrow was removed from the femoral shaft and washed in growth medium, consisting of highglucose Dulbecco's modified Eagle medium (DMEM; Biosciences) supplemented with 10 % foetal bovine serum (FBS, Gibco), 1 % penicillin (100 U/mL) and 1 % streptomycin (100 μg/mL) (Biosciences). A homogenous suspension was achieved by trituration using a needle. The solution was centrifuged twice at 650 ×g for 5 min and, each time, the supernatant was removed. The cell pellet was triturated and the cell suspension was filtered through a 40 μm cell sieve. Following colony formation, cells were trypsinised, counted and re-plated at a density of 5 × 10 3 /cm 2 for a further passage. Expansion was conducted in normoxic conditions and growth medium that was changed twice weekly. Cells were used at the end of passage 3. Scaffolds were seeded with 1 × 10 6 porcine MSCs in 30 μL of growth medium and allowed to adhere for 2 h before the addition of growth medium. Scaffolds were cultured in 24-well plate in 2 mL of growth medium in normoxic conditions for up to 21 d (Fig. 2b ).
Cell viability
alamarBlue™ assay (Invitrogen), a fluorometric indicator of cell metabolic activity, was performed to determine cell viability according to the manufacturer's protocol (n = 4). Briefly, the scaffolds were removed from the 24-well plates at day 1, 7, 14 and 21. They were washed with PBS after aspirating the medium and placed in a fresh 48-well plate, one scaffold per well. In each well, 0.9 mL of medium and 0.1 mL of alamarBlue™ dye were added and the plate was incubated for 4 h at 37 °C in the dark.
The resulting 1 mL solution was removed from the sample and the fluorescence was measured at room temperature on a plate reader (BioTeck Synergy HT) using excitation and emission wavelengths of 520 nm and 590 nm, respectively. Cell viability was established using a live/dead assay kit (Invitrogen). Scaffolds were rinsed in sterile PBS and incubated for 1 h in phenol-free DMEM (Sigma-Aldrich) containing 2 μM calcein and 4 μM of ethidium homodimer-1 (Invitrogen). After The plate was incubated in the dark for 5 min and, then, read using a microplate reader (BioTek Synergy HT Microplate Reader) at an excitation wavelength of 480 nm and emission of 520 nm.
Calcium production
Calcium deposition within the scaffolds was measured using the Calcium LiquiColor ® Test (Stanbio Laboratories) according to the manufacturer's protocol. Briefly, a cell lysate was prepared using 0.5 mL of Triton X-100 and 0.5 mL trichloroacetic acid. Samples were incubated for 60 min and, then, centrifuged. The supernatant was used to calculate calcium levels. Next, 10 μL of each sample and assay standard were added to a 96-well plate and 200 μL of the working solution were added. The plate was analysed on a microplate reader (Biotek, Synergy HT, Swindon, UK) at an absorbance of 550 nm, as previously described (Shor et al., 2009 ). The calcium incubation, the constructs (n = 4) were rinsed again in PBS and imaged with Olympus FV1000 pointscanning confocal microscope at 488 and 543 nm.
In vitro biochemical and histochemical analysis
Scaffolds were prepared for either histochemical analysis or biochemical analysis. Scaffolds were washed with PBS and treated in one of the following two ways: (1) snap-frozen and stored at − 80 °C for biochemical analysis;
(2) fixed overnight in paraformaldehyde before being placed in PBS and refrigerated for histochemical analysis (n = 4 for histological analysis and n = 4 for biochemical analysis).
DNA content
To assess DNA content for all constructs, 1 mL of papain digestion buffer [100 mM sodium phosphate buffer containing 10 mM L-cysteine (Sigma-Aldrich), 125 μg/mL papain (Sigma-Aldrich) and 5 mM Na 2 EDTA (Sigma-Aldrich) in ddH 2 O at pH 6.5)] was added to the scaffolds that were placed on a rotator in an oven at 60 °C overnight, as previously described (Freeman et al., 2013; Freeman et al., 2015b; Haugh et al., 2011) . Once the aggregates were digested, DNA content was performed using Quant- content at day 0 was subtracted from the reading for each sample to accommodate for the higher levels of calcium present in the scaffolds containing DCB.
Alizarin red staining
Samples were washed thoroughly with PBS before being stained with a 2 % alizarin red solution (Sigma-Aldrich) for 1 h. Then, they were washed thoroughly with PBS to remove any excess stain. Scaffolds were imaged using the Olympus SZX7 microscope.
Solubilisation procedure and scaffold design
From this point onwards, the composite thermopolymer was used to print all scaffolds. Large and small pore scaffolds were printed as described above. The large pore scaffold was also used as the backbone of the multiscale pore scaffold. Solubilised bone matrix was prepared using the aforementioned cryomilled DCB and was pretreated with 0.2 M NaOH for 24 h and vortexed at 2,000 rpm. After removal of the pre-treatment solution, the tissue was washed in sterile dH₂O. Bone ECM was subsequently solubilised using a solution of 1,500 U/mL pepsin (Sigma-Aldrich) in 0.5 M acetic acid (Sigma-Aldrich). Then, the tissue sample was vortexed again (2,000 rpm) for 24 h at room temperature to solubilise the bone. To remove insoluble material, bone ECM was centrifuged at 2,500 ×g for 1 h. Next, the supernatant containing the solubilised tissue was transferred to a new tube and combined with a 5 M NaCl (Sigma-Aldrich) solution to a final concentration of 0.8 M NaCl to preferentially salt-precipitate type I collagen (Deyl et al., 2003) . The salt and collagen solution was mixed followed by equilibration overnight at 4 °C. Subsequently, the solution was centrifuged at 2,500 ×g for 1 h at 4 °C. The supernatant was discarded and the collagen pellet was resuspended in 0.5 M acetic acid followed by rotation at 4 rpm overnight at room temperature to fully dissolve the collagen. Then, the salt precipitation procedure was repeated a second time. Next, the acid-solubilised collagen was transferred into dialysis membrane [molecular weight cut-off (MWCO) 6-8 kD; Spectrum Labs]. Dialysis was performed for 48 h at 4 °C using 0.02 M Na₂HPO₄, with agitation of the dialysate. The dialysing solution was replaced with a fresh solution after 24 h. Following dialysis, the solubilised bone solution was transferred to 24 well tissue culture plates (1 mL/well) and lyophilised. Once lyophilised, the solubilised bone ECM, hereafter known as sbECM, was stored at − 80 °C prior to scaffold fabrication. The large pore 3D-printed scaffolds were soaked in growth medium for 2 h prior to addition of sbECM. In order to fabricate the multiscale scaffolds, lyophilised sbECM was weighed and transferred to sterile tubes. Under sterile conditions, the lyophilised sbECM was resuspended in high-glucose DMEM + Glutamax (hgDMEM; Gibco) to a final concentration of 20 mg/mL. To dissolve the sbECM, 80 μL of 0.5 M acetic acid were added per mL of sbECM solution to a final concentration of 0.02 M acetic acid. The solution was pipetted several times to ensure homogeneous mixing. Then, the sbECM solution was brought to neutral pH by adding 20 μL of 0.1 M NaOH until the colour of the solution changed from yellow to red. Then, the sbECM solution was chemically crosslinked using glyoxal (Sigma-Aldrich) at a final concentration of 5 mM. Glyoxal is a small dialdehyde that crosslinks free amine groups in the collagen (Rao et al., 2012) . The solution was mixed well and incubated for 30 min at 37 °C to allow crosslinking to occur. After crosslinking, the solution was transferred to custom-made moulds (height: 5 mm; diameter: 4 mm) which contained the previously prepared PCL/ DCB scaffolds. 40 μL of the crosslinked sbECM were added to each mould containing a PCL/DCB scaffold and freeze-dried (FreeZone Triad, Labconco™, Kansas City, MO, USA). To create porous scaffolds, the solution was initially frozen to − 30 °C at a rate of − 1 °C/min. This temperature was held for 1 h before rising to − 10 °C at a rate of + 1 °C/min. Once at − 10 °C, this temperature was maintained under a vacuum of 0.200 mBar for 24 h before the temperature was increased to + 20 °C at a rate of + 1 °C/min (Almeida et al., 2014) .
ECM characterisation
Solid-state nuclear magnetic resonance (ssNMR) spectroscopy experiments were conducted on a Bruker 400 MHz Avance-III spectrometer with a TopSpin software. Decellularised bone ECM was packed into a 4.0 mm (outer diameter) zirconia rotor and spun at 20 kHz in a 4 mm Bruker MAS probe. 1 H and 13 C chemical shifts were referenced to adamantane at δ( 1 H) = 1.85 ppm and δ( 13 C) = 38.52 ppm (left peak), respectively; whereas 31 P chemical shift was referenced to H 3 PO 4 (85 % w/w aqueous solution) at δ 31 P = 0.0 ppm.
Proteomic analysis was carried out as previously described (Cunniffe et al., 2019) . Briefly, freezedried solubilised bone ECM was resuspended in 0.05 M acetic acid. Precipitation of proteins was done using trichloroacetic (TCA) solution (1 : 4 volume TCA : protein), 200 μL acetone, 6 M urea in 50 mM ammonium bicarbonate (ABC) followed by treatment in 5 mM dithio-threitol (DTT) at 60 °C for 30 min, 10 mM iodoacetamide (IAA) at room temperature for 30 min and trypsin digestion prior to mass spectrometry (MS) analysis (all reagents from Sigma-Aldrich). Samples were run on a Thermo Fisher Scientific Q Exactive™ Hybrid Quadrupole-Orbitrap™ Mass Spectrometer connected to a Dionex UltiMate™ 3000 (RSLCnano, Thermo Fisher Scientific) chromatography system. Tryptic peptides were resuspended in formic acid. Each sample was loaded onto a fused silica emitter [75 μm inner diamter), pulled using a laser puller (Sutter Instruments P2000, Novato, CA, USA)], packed with UChrom C18 (1.8 μm) reverse phase media FE Freeman et al.
Biofabrication of multiscale bone-ECM scaffolds (nanoLCMS Solutions LCC, Oroville, CA, USA) and separated by an increasing acetonitrile gradient over 45/60 min at a flow rate of 250 nL/min. The mass spectrometer was operated in positive ion mode, with a capillary temperature of 320 °C and a potential of 2,300 V applied to the frit. All data were acquired with the mass spectrometer operating in automatic data-dependent switching mode. A high resolution (70,000) MS scan (300-1600 m/z) was performed using the Q Exactive™ Hybrid Quadrupole-Orbitrap™ Mass Spectrometer to select the 8 most intense ions prior to MS/MS analysis using higher-energy collisional dissociation (HCD). Raw data were de novo sequenced and searched against the sus scrofa complete UniProt database using the search engine MaxQuant (Cox et al., 2009; Tyanova et al., 2016a; for peptides cleaved with trypsin. Each peptide used for protein identification met specific MaxQuant parameters, i.e. only peptide scores that corresponded to a false discovery rate (FDR) of ≤ 1 % were accepted. Proteins identified by MaxQuant were processed with Perseus (Tyanova et al., 2016b) to elucidate remaining proteins in solubilised bone.
Scanning electron microscopy (SEM)
SEM was carried out on an ULTRA Plus microscope (Zeiss) operating at 5 kV accelerating voltage. Constructs were mounted on an aluminium stub using conductive carbon adhesive stickers and subsequently coated with approximately 5 nm of Au/ Pd prior to imaging for 90 s at 0.1 mBar. To quantify the mean pore size of the multiscale scaffolds, 5 images (containing a minimum of 100 pores) from three different scaffolds were measured using the analyse particle function of imageJ following thresholding of the images.
Surgical procedures
All animal procedures were ethically approved and conducted under the ethics committee of the Trinity College Dublin and the Health Products Regulatory Authority (HPRA) under protocol number AE19136/ P069. Sixteen 8-week old BALB/c OlaHsd-Foxn1 nu nude mice (Envigo, Oxford, UK) were anaesthetised using a mixture of xylazine (10 mg/kg) and ketamine (100 mg/kg) given subcutaneously before surgery. Once anaesthetised, 5 mg/kg carprofen was also administered subcutaneously. Two incisions were made in the skin slightly lateral to the spine of each animal and four subcutaneous pockets were created. As stated previously, scaffolds were seeded with 1 × 10 6 porcine MSCs in 30 μL of growth medium and allowed to adhere for 2 h before implantation. Large and small pore scaffolds and multiscale pore scaffolds were implanted (Fig. 2c,d) . Two samples per group were put in the top two pockets with two samples from a different group in the bottom two pockets. Constructs were implanted in a balanced manner, such that each group contained an implant placed at each of the two subcutaneous locations and samples were randomly distributed across the operated animals. Once the four constructs were implanted, incisions were closed using sutures and tissue glue.
Micro-computed tomography (µCT) imaging
Prior to surgery, at 2 and 8 weeks post-surgery, scaffolds were extracted and incubated in paraformaldehyde for 24 h before being imaged using μCT scans on a MicroCT42 (Scanco Medical) at 55 kVp, 145 μA and a 12 μm voxel size. Constructs were scanned and post-processed using a threshold value that accurately depicted both the mineral content by visual inspection of the 2D greyscale tomograms (Scanco Medical MicroCT42). Noise was removed using a low-pass Gaussian filter (sigma = 1.2, support = 2). Each scaffold was normalised to μCT scans prior to implantation to accommodate for the different levels of mineralisation present in each scaffold.
Histochemical analysis
Following μCT scanning, samples were dehydrated and embedded in paraffin-wax using an automatic tissue processor (Leica ASP300). All samples were sectioned with a thickness of 8 μm using a rotary microtome (Leica Microtome RM2235). Sections were stained with haematoxylin and eosin (H&E) for vessel infiltration and Masson's trichrome for bone formation. Quantitative analysis was performed on multiple H&E-stained slices, whereby vessels (positive staining for endothelium and erythrocytes present within the lumen) were counted on separate sections taken throughout each construct and averaged for each construct. Masson's-trichromestained sections were evaluated for new bone formation. Masson's trichrome technique combines haematoxylin for cell nuclei (blue/black), fuchsine for cytoplasm, muscle and erythrocytes (red) and light green solution for collagen (green). Percentage of new bone per total area of construct was measured in separate sections using the ImageJ plugin.
Immunofluorescence analysis
Immunofluorescence analysis was used to detect α-smooth muscle actin (α-SMA) and von Willebrand factor (vWF). Sections were deparaffinised overnight in an oven before undergoing a series of rehydration steps through varying ethanol grades (100-50 %). Then, samples were treated for 20 min at 37 °C with 20 μg/mL of proteinase K, rinsed with 0. 
Statistical analysis
Results were expressed as mean ± standard deviation. DNA content and fold change in mineral volume were examined using two-way analyses of variance (ANOVA) with the addition of Tukey's correction for multiple comparisons testing. Mechanical properties and calcium content for each scaffold were examined by one-way ANOVA with the addition of Tukey's correction for multiple comparisons testing. All other quantitative analyses were examined by an unpaired two-tailed t-test. All analyses were performed using GraphPad Software. For all comparisons, the level of significance was p ≤ 0.05.
Results
The addition of DCB into PCL enhanced scaffold mechanical properties
Scaffolds with both large (filament spacing = 1.2 mm) and small (filament spacing = 0.8 mm) pores were produced by fused deposition modelling of either PCL-only or a composite of 70 % PCL and 30 % DCB. The addition of DCB into PCL significantly increased the Young's modulus of 3D-printed scaffolds with both large and small pores as compared to scaffolds printed using PCL alone (Fig. 3a) . As expected, reducing the scaffold pore size significantly increased the Young's modulus of the 3D-printed scaffolds. These differences in mechanical properties were not due to thicker filaments as there was no significant difference in fibre diameter between any of the groups (Fig. 3b ). There was also no significant difference in permanent deformation following the application of cyclic loading; all four scaffolds experienced a permanent deformation of approximately 30 % after cyclic loading to 50 % strain (Fig. 3c) . SEM depicted the smooth surface architecture of the PCL alone scaffolds (large and small pores) (Fig.  3d,f) . In contrast, SEM revealed a rougher surface architecture with the addition of the DCB into the PCL (Fig. 3e,g) .
1
H, 13 C and 31 P ssNMR spectra were also recorded to establish the makeup of the dECM (Fig. 7a-c) . First, 31 P ssNMR spectrum showed the presence Indeed, dECM 31 P signal was in the form of a single, broad [full width at half maximum (FWHM) = 580 ± 20 Hz] and slightly asymmetric resonance whose maximum intensity was at δ( 31 P) = 3.2 ppm; which is characteristic of bone HA (Von Euw et al., 2019) . In addition, the above-mentioned features (lineshape and linewidth) were very similar to those observed in the 31 P ssNMR spectrum of intact bone tissue samples. This suggested that the local phosphate environments of the bone mineral particles in dECM were not altered during the decellularisation process. Second, both dECM 13 C and 1 H ssNMR spectra showed the presence of organic material. While the identification of specific proteins or other biomacromolecules was not possible, these spectra provide some compositional information since they revealed several signals attributed to different chemical groups. Among them, alkyl groups belonging to proteins and/or lipids were observable in the form of several 13 C and 1 H resonances observable in the ranges of δ( 13 C) = 10-65 ppm and δ( 1 H) = 1-2 ppm, respectively. In addition, aromatic and amid groups belonging to proteins were observable in the form of 13 C resonances observable at δ( 13 C) = 130.1 ppm and 172.0 ppm, respectively. Therefore, this demonstrated that dECM had still got most of bone inherent properties post-processing.
Functionalisation of PCL scaffolds with DCB enhanced MSC osteogenesis in vitro
To assess their capacity to support osteogenesis, 3D-printed scaffolds were seeded with bone-marrowderived MSCs and maintained in growth medium for 21 d. After 24 h of culture, there was significantly more DNA (352.47 vs. 17.1 ng/mL; p = 0.0064) measured in PCL + DCB large pore scaffolds as compared to PCL alone counterparts (Fig. 4a) , indicating higher levels of initial cell attachment on the DCB functionalised scaffolds. There was also significantly (p < 0.0001) more DNA in both small pore scaffolds (PCL alone: 415.08 ng/mL; PCL + DCB: 529.87 ng/mL) than in large pore PCL-alone scaffolds. There was no significant difference in DNA content between both small pore scaffolds (PCL alone, PCL + DCB). The same trend was also seen in the cellular metabolic activity after 24 h (Fig. 4b) . Live/dead staining of all four groups showed viable MSCs attached to the printed filaments after 24 h (Fig. 4c ). Cell metabolic activity significantly increased over time in both large pore scaffolds (PCL alone, PCL + DCB), with less dramatic increases observed in the small pore scaffolds (Fig. 4b ). DNA content significantly increased (p < 0.001) within all scaffolds from day 1 to day 21 (Fig. 4a) . At day 21, both scaffolds containing DCB (large pore: 1268.16 ng/mL; small pore: 1562.96 ng/mL) had a significantly higher DNA Fig. 4. In vitro MSC osteogenic differentiation results. (a) DNA content of all 4 scaffolds 24 h post MSC seeding and 21 d in culture in normoxic conditions. (b) alamarBlue™ assay of all 4 experimental groups 24 h post MSC seeding and 7, 14 and 21 d in culture in normoxic conditions. (c) Live/dead and (d) alizarin red staining of all 4 scaffolds 24 h post MSC seeding and 21 d in culture in normoxic conditions. (e) Calcium produced by all 4 scaffolds after 21 d of culture in normoxic conditions (day 0 calcium levels were subtracted from each group to account for the residual mineral content within the DCB-loaded scaffolds). * p < 0.05, ** p < 0.01, *** p < 0.001. Error bars denote standard deviation, n = 4. www.ecmjournal.org content than their PCL alone counterpart (large pore: 600.31 ng/mL; small pore: 1192.51 ng/mL). Live/dead staining of all four groups at day 21 showed the presence of viable MSCs present around the printed filaments (Fig. 4c) .
Alizarin red staining of all four groups 24 h after seeding showed the residual positive staining present in the two scaffolds printed with PCL + DCB (large and small pore) (Fig. 4d ). After 21 d in culture, a noticeable increase in positive stained mineral deposition was observed in the two scaffolds printed with PCL + DCB (large and small pore) as compared to its PCL-alone counterpart. This was further verified by measuring the increase in calcium deposition within the scaffolds over 21 d (Fig. 4e ). There was significantly more calcium present in both DCBfunctionalised scaffolds (large pore: 1.69 μg/mL; small pore: 1.84 μg/mL) as compared to their PCLalone counterparts (large pore: 0 μg/mL; small pore: 0.19 μg/mL). There was no significant difference in calcium deposition between the large and small pore PCL + DCB scaffolds.
Porosity of 3D-printed scaffolds regulated vascularisation and new bone formation in vivo
Having demonstrated that functionalisation of PCL with DMB enhanced osteo-inductivity of 3D-printed scaffolds in vitro, next, the capacity of these composites to support vascularisation and bone formation in vivo was assessed. 2 weeks after subcutaneous implantation of MSC-laden scaffolds into nude mice, histological analysis of H&E-stained samples revealed the presence of vessels within both large and small pore PCL-DCB scaffolds (Fig.  5a ), predominantly at the implant periphery. These vessels appeared mature, as evident by α-SMAand vWF-stained walls and vessels perfused with erythrocytes (Fig. 5a,c) . When quantified, large pore scaffolds contained significantly more vessels than small pore scaffolds (Fig. 5b) .
2 and 8 weeks after implantation, no significant increase in mineral volume was observed in the small pore scaffolds as compared to day 0 levels (Fig. 6a,b) . In contrast, a significant 3-4 fold increase in mineral volume was measured in large pore scaffolds at both time points as compared to day 0 levels. μCT reconstructions revealed that mineral deposition seemed to form along the PCL + DCB filaments over the course of the study. Histological staining further verified this finding, with positive staining for new bone seen around PCL + DCB filaments (Fig. 6c , denoted by white arrows) in large pore scaffolds. Quantification revealed that large pore scaffolds had significantly more new bone (10.22 % vs. 5.89 %; p < 0.0001) formation per total area of construct (Fig.  6d) . Therefore, the large pore scaffold was determined Biofabrication of multiscale bone-ECM scaffolds to have the best macroscale pore geometry to support vascularisation and new bone formation. This scaffold was selected for further development and from hereon is defined as the macroscale pore scaffold.
Multiscale bone ECM scaffolds supported enhanced cellular attachment, vessel ingrowth and new bone formation in vivo
Recognising that new bone generally formed on, but not between, the filaments of the 3D-printed scaffolds, a network of sbECM with microscale porosity was incorporated in between the filaments of the 3D-printed scaffold to produce a multiscale scaffold. MS analysis of the solubilised bone showed that the matrix was predominately composed of COL1A1, COL1A2 with some COL2A1 and traces of COL9A2 (Fig. 7 and Table 2 ). To this end, the macroscale pore scaffolds were filled with a slurry of sbECM and the entire construct was freeze-dried. The inclusion of sbECM to produce a multiscale pore scaffold drastically increased the cellular attachment as compared to the 3D-printed scaffold with only macroscale porosity (Fig. 8a) . Live/dead imaging showed that this increase in cellularity was due to cells predominantly attaching to the microporous section of the scaffolds (Fig. 8b) . In contrast, in scaffolds with macroscale pores only, cells were only found lining the PCL + DCB filament. SEM images of the multiscale pore scaffold showed the sbECM fully integrated within the PCL + DCB filament (Fig. 8c) . The rough surface architecture was still observed on the PCL + DCB filament. Next, both the macroscale and multiscale pore scaffolds were seeded with bone marrow stromal cells (BMSCs) and implanted subcutaneously into nude mice. 2 weeks after implantation, H&E staining revealed that both the macroscale and multiscale pore scaffolds had vessels present within the scaffold (Fig.  9a) . They were mature blood vessels complete with α-SMA-and vWF-stained walls and perfused with erythrocytes ( Fig. 9a,d) . Macroscale pore scaffolds had vessels predominantly located in their periphery, with little to none present in the centre. On the other hand, vessels were present both in the periphery and in the centre of the multiscale pore scaffold. When quantified, comparable numbers of vessels were observed throughout both scaffolds (Fig. 9b) , however, significantly more vessels were present in the centre of the multiscale pore scaffold as compared to the macroscale pore scaffold (Fig. 9c ).
Prior to implantation there was little to no difference in mineral content between the two groups as the solubilisation process used to process the DCB into a microscale scaffold removed all mineral from the ECM (Fig. 10a ). Similar increases in mineral deposition were observed in both scaffolds at 2-and 8-weeks post-implantation (Fig. 10b) . As observed previously, mineralisation occurred predominately around the PCL + DCB filaments in the macroscale pore scaffold. Within the multiscale pore scaffold, large deposits of mineralised tissue were also observed between the PCL + DCB filaments, as indicated by red arrows (Fig. 10a ). This was further verified by Masson's trichrome staining, which revealed new bone deposition both alongside the PCL + DCB filament but also in between the filaments (Fig. 10c ). When quantified, it revealed that there was significantly more new bone deposition per total area (15.16 % vs. 10.22 %; p < 0.0001) in multiscale pore scaffolds as compared to macroscale pore scaffolds (Fig. 10d ).
Discussion
Despite the tremendous potential of tissue engineering techniques for regenerating critically sized bone defects, relatively few new therapies have reached the clinic. The reasons for this are multi-faceted, from the significant cost and regulatory challenges associated with cell-based therapies to technical limitations such as cell death that can occur in these scaffolds following implantation. While some bone matrix products have made it to market, none of these products alone is ideally suited to the treatment of mechanically loaded defects and they have mostly been used in spinal fusion or dental surgeries. This study aimed to produce a multiscale porous scaffold functionalised with bone ECM components for use in bone tissue engineering. The results from the study demonstrated that functionalising PCL with decellularised bone ECM can lead to improved mechanical properties without compromising on the printability of the construct. The addition of decellularised bone ECM to PCL increased cell attachment and led to enhanced osteogenesis of MSCs without the use of exogenous growth factors. Also, how the porosity (or filament spacing) of 3D-printed scaffolds determined their utility for bone tissue engineering was explored, demonstrating increased vessel infiltration and significantly higher levels of new bone tissue formation in vivo in scaffolds with large pores (filament spacing). Recognising that new bone generally formed on, but not in between, the filaments of the 3D-printed scaffolds, the implants were further modified by incorporating a network of microporous bone ECM in between their filaments to produce scaffolds with multiscale porosity. These multiscale scaffolds increased cellular attachment and, in vivo, supported increased vessel infiltration into the centre of the scaffolds, which in turn increased new bone formation. Taken together, a scaffold was developed that was not only mechanically competent and porous but also provided appropriate cues to enable the osteogenic differentiation of MSCs in vitro and increased vascularisation and bone formation in vivo.
The addition of decellularised bone ECM to PCL was found to improve the mechanical properties of the resultant 3D-printed scaffolds. Interestingly, Nyberg et al. (2017) did not see an improvement in mechanical properties through the addition of DCB to PCL, which was contradictory to the results seen in the present study as well as previous studies reporting an improvement in mechanical properties when various forms of calcium phosphate are included into the thermopolymer Seyednejad et al., 2012; Yeo et al., 2008; Yeo et al., 2010) . This may be due to differences in size and distribution of DCB within the PCL filaments, with Nyberg et al. (2017) reporting a smooth homogenous distribution of DCB throughout the PCL filaments, whereas, within the present scaffold, the DCB was distributed throughout as small discrete nodules of DCB, as indicated by μCT reconstructions. The presence of these mineralised nodules did not compromise on the printability of the constructs or lead to increased fibre diameters, but their inclusion clearly increased the stiffness of the printed scaffolds. Given the differences seen in the present study, future studies will investigate the addition of higher concentrations of DCB to the PCL, at least to the point that the thermopolymer is still printable. Higher concentrations of DCB would likely further improve the osteogenic inductivity of the scaffolds whilst further improving its mechanical properties.
Addition of DCB to PCL filaments increased the osteo-inductivity of the resulting scaffold. Previous studies incorporating calcium phosphates into www.ecmjournal.org 3D-printed polymers have reported similar findings (Causa et al., 2006; Nyberg et al., 2017; Park et al., 2011; Polini et al., 2011; Rai et al., 2010) . The presence of DCB within the PCL filaments resulted in a significant increase in MSC attachment and scaffold mineralisation (a late stage osteogenic marker), without the use of any exogenous growth factor. This could be due to change in surface topography (Faia-Torres et al., 2015; Kiang et al., 2013; Marletta et al., 2007; Olivares-Navarrete et al., 2010; You et al., 2010; Zhao et al., 2012) with the addition of DCB, as seen in SEM images, or due to the release of calcium ions from the filaments (Aquino-Martinez et al., 2017a; Aquino-Martinez et al., 2017b; Liu et al., 2009; Samavedi et al., 2013) . Future work should delve further into understanding the type and functionality of any residual growth factors present within both the decellularised bone ECM and the solubilised bone ECM as well as testing the mineralisation potential of the scaffolds using distinct MSC donors (e.g. male, female, age).
Due to the highly porous nature of the scaffold design, the seeding efficiency of the proposed scaffold was still rather low, with a seeding efficiency of approximately 13 % and 18 % for large and small pore scaffolds, respectively. To overcome this limitation, micro-porous solubilised bone ECM was incorporated in between the PCL + DCB filaments to produce a multiscale bone ECM scaffold, therefore maintaining the mechanical properties of the PCL + DCB-printed scaffold but also increasing its seeding efficiency. The addition of the solubilised ECM drastically increased the seeding efficiency of the scaffold from 13 to 50 %. Due to the freeze-drying process, the mechanical properties of the scaffold did significantly deteriorate (data not shown), however, it was still in and around that typically reported for the mechanical properties of low-density trabecular bone (Goldstein, 1987) .
Results showed that a 10 % change in porosity could significantly influence vascularisation of 3D-printed constructs. Both large and small pore scaffolds were vascularised after 2 weeks in vivo; however, there were significantly more vessels present in the large pore scaffold and, in both groups, vessels were predominantly present in the periphery of the scaffolds. Interestingly, when solubilised bone ECM was added to the large pore scaffold, it did not impede the influx of vessels within the scaffold; in fact, it actually facilitated the migration of blood vessels into the centre of the constructs. This may be due, at least in part, to increased attachment of MSCs to these scaffolds prior to implantation, as previous studies have demonstrated that MSCs can Biofabrication of multiscale bone-ECM scaffolds secrete a range of factors that promote angiogenesis (Kusumbe et al., 2014; Liu and Castillo, 2018; Schipani et al., 2009; Wang et al., 2007; Yang et al., 2013) . The presence of the solubilised bone ECM itself was also likely contributing to this increased vessel infiltration, as previous studies have shown rapid vascularisation during demineralised bone matrix-induced osteogenesis in vivo (Rabie, 1997) . Increased vascular invasion of bone defects was associated with an influx of macrophages, which are known to produce pro-angiogenic factors, 7 d post-implantation (Rabie, 1997) . Future studies will implant bone ECM functionalised scaffolds in bone defects in fully immuno-competent animals to better elucidate the role of the immune system in scaffoldmediated bone regeneration. Increased vascularisation correlates with increased bone regeneration (Correia et al., 2011; Freeman et al., 2015a; Freeman et al., 2015b; Ghanaati et al., 2011; McFadden et al., 2013; Pedersen et al., 2013; Rabie, 1997; Scherberich et al., 2007) . The results from the present study were no different: the reduction in vessel influx in the small pore scaffold also led to a significant reduction in both mineral deposition and amount of new bone formed within the 3D-printed construct. Reducing the porosity by only 10 % can significantly affect the bone-forming potential of a 3D-printed construct. Other studies have reported similar findings with a poly(l-lactideco-d,l-lactide) containing 20 wt % β-tricalcium phosphate scaffold. By increasing the porosity by only 8 % (80-88 %), Roy et al. (2003) observed more tissue ingrowth and new bone formation after implantation into the rabbit cranium. Together, these findings demonstrated the importance of carefully tailoring the porosity of 3D-printed scaffolds to ensure they not only facilitate high levels of cellular attachment, but also vascular invasion and new tissue deposition in vivo. This can be difficult to achieve using a single biofabrication strategy (e.g. fused deposition modelling) to produce a functional scaffold and motivates the integration of distinct approaches, such as that adopted in the present study, to produce multiscale scaffolds that can potentially promote superior regeneration as compared to the use of either biofabrication strategy alone.
Conclusions
Appropriately engineered scaffold porosity is integral to the success of numerous tissue engineering strategies, as without it nutrient, cell and vessel infiltration cannot occur, ultimately leading to implant failure. The present study described the development of novel bone-ECM-based scaffolds for bone tissue engineering that were designed to enhance angiogenesis and provide stem cells with the necessary cues to undergo osteogenic differentiation following implantation. Macro-porosity of a 3D-printed scaffold significantly influenced both vessel infiltration and bone formation in vivo. Furthermore, a multiscale porous scaffold could further enhance cellular attachment, vessel infiltration and bone formation in vivo. In summary, a scaffold was developed that was not only mechanically competent and porous on multiple scales but also provided appropriate cues to enable osteogenic differentiation of MSCs in vitro and enhanced vessel infiltration and bone formation in vivo.
Matteo D'Este: Do you think that the thermal treatment was degrading part of the bone matrix? Would such an approach be applicable to other polymers with a higher melting point or to hydrogel printing? Authors: As we were 3D-printing with PCL, the temperatures required to print the thermopolymer was rather low (approximately 69 °C). Printing at this temperature did not seem to degrade the bone matrix, which remained osteoinductive. However, using it with thermopolymers with higher melting temperatures might prove difficult as the bone ECM may lose some of its osteoinductive properties after being subjected to higher temperatures. Current ongoing studies have begun investigating adding the decellularised bone ECM into PLGA, which needs to be printed at a much higher melting point, and will investigate if the bone ECM still has its osteoinductive properties both in vitro and in vivo.
Editor's note: The Scientific Editor responsible for this paper was Mauro Alini.
